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ABSTRACT 
              For the past few decades, biosensors have been developed at a steady pace and 
played a crucial role in medical practices and many other biomedical applications. Upon 
performing a survey of desirable sensor properties such as low cost, high sensitivity, 
fabrication process, and time to result, a nanograss embedded microfluidic device 
emerged as a very attractive candidate for an electrochemical impedance spectroscopy 
(EIS) based biosensor. Such a sensing device is expected to perform direct sensing 
quickly with high sensitivity, and at low cost. In this work, the nanograss fabrication 
process is illustrated in detail. Then nanograss substrate itself is characterized by multiple 
approaches. In addition, COMSOL Multiphysics is used for finite element simulation of 
the flow through the microfluidic chamber. The EIS method is used to evaluate the 
capture and sensing ability of the fabricated nanograss embedded microfluidic device. 
The nanograss devices are shown to be able to capture and sense a few particles/µL, 
indicating that the nanograss devices could be used as next-generation biosensors.  
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CHAPTER 1. INTRODUCTION 
1.1 Motivation and Purpose 
Human immunodeficiency virus/acquired immunodeficiency syndrome 
(HIV/AIDS) is an infectious disease of the human immune system caused by HIV. In 
general, HIV roughly exists as spherical particles. An HIV particle is around 100-150 nm 
in diameter. On the other hand, HIV belongs to retroviruses, which means their genes are 
composed of RNA. 
According to the World Health Organization (WHO) report, as shown in Fig. 1.1, 
the number of people living with HIV reached 34.2 million by the end of 2010. Among 
them, 2.5 million people were newly infected in 2010. During the same year, 1.8 million 
people died of AIDS. High prevalence and incidence of HIV/AIDS places a heavy burden 
on regional healthcare providers and has a severe influence on healthy sexually active 
individuals. Thanks to the previous efforts jointly made by scientists, engineers and 
doctors, the deadly HIV infection has become a manageable, though chronic, disease [1-
2]. 
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Fig. 1.1 HIV distribution around the world. Source: UNAIDS 2010. 
To effectively monitor the health state of HIV positive patients, doctors measure 
viral load throughout the patient’s life. It is tested soon after diagnosis with HIV infection 
and probably every 3-6 months after the first establishment of a baseline level. Because 
changes in viral load reflect the efficacy of medications or therapies, it is also tested 
before the beginning of a new HIV medication, and 2-8 weeks after starting or changing 
therapies. Sometimes, doctors may decide to start treatment based on viral load alone 
because of the strong association between increased viral load and increased destruction 
of CD4+ cells. A routine test in western countries, viral load testing is rarely practiced in 
other parts of the world due to cost and equipment requirement. Given its usefulness in 
monitoring and management of HIV positive patients, we have been working on the 
development of fast, portable, inexpensive devices in order to make the testing faster and 
more economical [3]. 
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1.2 Current HIV/AIDS Monitoring 
Before proposing our research plan, let us take a quick look at the current 
HIV/AIDS screening methods. First, patients are tested for the presence of the virus using 
a p-24 antigen or HIV antibody test. These are qualitative yes/no tests. If the patient has 
HIV, he or she would get a CD4+ T cell count to see whether he or she needs to start 
treatment. The viral load test can also be used to complement the CD4+ T cell count to 
provide more information regarding the patient’s response to treatment.  
            We can also test for the p-24 protein to monitor HIV, as we know that the p-24 
protein is part of the viral capsid. But the problem with this technology is that detecting 
with antibodies to the p-24 protein gives very low sensitivity (false negatives), and it is 
useful only for the first few weeks after infection. This is because the human body has 
already created antibodies to HIV during this period. For HIV test, usually western blot 
and ELISA (enzyme-linked immunosorbent assay) are recommended together, but 
neither of these is cheap, portable, or fast. 
             So, besides the CD4+ T cell counter, there is a huge need for a portable, robust, 
inexpensive method to bring a viral load test for AIDS diagnostics to resource-poor 
regions. In current medical practice, polymerase chain reaction (PCR) is employed to test 
viral load. PCR is a biochemical technology to amplify a single or a few copies of a piece 
of DNA across several orders of magnitude. Quantitative PCR methods allow the 
estimation of the amount of the initial DNA templates in blood sample. Since HIV is an 
RNA virus, variations of PCR, such as reverse transcription PCR (RT-PCR) and Nucleic 
Acid Sequence Based Amplification (NASBA), are used instead of original PCR. Apart 
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from PCR, Cavidi AB [4] developed ExzVir TM Load, which monitors viral load based 
on ELISA. It has been approved for clinical use. 
               Considering the cost and complexity of current medically used method, a direct 
detection of virus is highly desired. Therefore, electrochemical impedance spectroscopy 
(EIS) method is employed to investigate the changes of the electrode/electrolyte interface 
impedance when the virus is captured on-chip [5-7]. This method is to provide a basic 
understanding for current and potentially increasingly widespread virus sensing 
applications [8-10]. 
               We propose a solution of using a bio-MEMS viral load sensor. Our goal with 
this device is to identify that the microchip electrical sensor can provide viral load test 
versus a western blot and ELISA. An EIS model is employed based on the concepts 
above. An impedance |Z| based sensor for virus is expected to: (a) capture virus; (b) 
measure |Z| vs. virus concentration. 
1.3 Thesis Overview 
              The goals of this thesis are to evaluate the capture and sensing ability of a 
nanograss embedded microfluidic device and to evaluate nanograss as a biocompatible 
material for biosensors, which could be eventually developed into a point-of-care (POC) 
sensor for HIV viral load test. Chapter 2 will give a background and a thorough literature 
review about the fabrication of different impedimetric biosensors and their sensing 
ability. Chapter 3 will present the fabrication of nanograss and the preparation of 
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nanograss embedded devices for biomedical applications. Chapter 4 will focus on the 
characterization of nanograss devices, in terms of capture capability, surface 
hydrophobicity test, and surface enhanced Raman spectroscopy (SERS) effect. A brief 
discussion will follow these results. Chapter 5 will present a finite element simulation of 
the flow test. COMSOL Multiphysics is employed for this simulation. Chapter 6 will 
present the experimental data of bioparticle capture and sensing on a nanograss 
embedded microfluidic device. Chapter 7 will outline the conclusions that have been 
reached during the course of this work and also provide some recommendations for 
future work. 
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CHAPTER 2. BACKGROUND AND LITERATURE REVIEW 
2.1 Introduction 
              The purpose of this chapter is to provide a starting point to understand the 
characteristics of different biosensors. This chapter will therefore provide the significance 
of the present study. Also, included in this chapter will be a discussion of the past work 
of other research groups’ biosensors for medical applications. Section 2.2 will present the 
basic principles for a biosensor. Section 2.3 will discuss the point-of-care biosensors. 
Section 2.4 will then talk about the planar (2D) electrode biosensors. Section 2.5 will 
evaluate the recently developed hybrid-nanostructured (3D) biosensors. Section 2.6 will 
summarize the above sections.  
2.2 Principles for Biosensors 
              A biosensor is an analytical device for detecting a certain kind of analyte that 
combines a biological component with a physicochemical detector. Currently, biosensors 
have been widely utilized and even dominant in many scientific fields. For example, flow 
cytometry is employed in cell counting, sorting, biomarker detection and protein 
engineering. This tool has been routinely used in the diagnosis of health disorders [11]. 
Following are some important criteria for an effective biosensor: 
  
7 
 Cost is always a huge concern in industry and should be kept as low as possible. 
Ideally, disposable one-time-use devices should be fabricated, which have their 
advantage in medical practices in term of preventing contamination.  
 Sensitivity is usually defined as the lowest concentration of the target analyte that 
can be detected by such device. 
 Accuracy refers to how closely the sensing result is to the widely accepted gold 
standard. 
 Repeatability is required for biosensors, as people would expect comparable data 
from certain designed devices. 
 Selectivity should ideally be as high as possible, as the detected events are 
expected to be real response from the testing sample. 
 Time to result determines how long the technician must wait for the results, once 
the testing sample is put into the sensing system. 
2.3 Point-of-Care Biosensors 
2.3.1 Overview of point-of-care biosensors 
              Fabricated by biological or biomedical micro-electromechanical systems 
(BioMEMS) technology, which has already been highlighted in medical applications, 
point-of-care (POC) sensors provide a significant disease diagnosis/treatment method for 
people living in remote places. The potential of this technology for early disease 
diagnosis and monitoring has been highlighted in the past decade. Also, such POC 
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sensors are attracting people’s attention, since health-care delivery and clinical 
management have become more and more personalized. POC sensors are becoming more 
and more important due to their low cost, high sensitivity, multi-function, and portability. 
 POC sensors are making a significant impact on the eradication and management 
of diseases such as HIV/AIDS, malaria, TB, and other diseases caused by infectious 
agents. Such diseases are the major causes of death and suffering around the world. In 
2011, according to WHO, 14-17 million people died of infectious diseases in developing 
countries. HIV/AIDS, malaria, and TB have been the main causes of global health crises 
in the 21st century. 
 Not only for remote areas, POC devices also have a promising future in various 
biomedical applications, shown in Fig. 2.1. Applications of POC devices range from 
personalized cases to hospital settings [12]. 
 
Fig. 2.1 Applications and settings where POC devices can be used [12]. 
 Many current commercial POC diagnostic devices utilize lateral ﬂow tests, which 
employ a membrane or paper strip to indicate the presence of protein markers such as 
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pathogen antigens or host antibodies. In the U.S., lateral ﬂow tests are used for diagnosis 
of a small number of conditions, most notably pregnancy, as well as infections with 
streptococcus or ﬂu; in developing countries, the lateral ﬂow test is widely used to 
diagnose HIV [13]. Limitations of such POC devices are less reproducible and less 
quantitative results, and low sensitivity issues, even though such devices are very easy to 
handle, inexpensive, and portable. 
 Another POC device that has been proven to be a reliable and dominant 
biomedical application is the blood glucose test. Such POC devices have been recognized 
for their significant impact on diabetic patients’ lives [14]. 
 Utilizing BioMEMS technology, POC devices are greatly miniaturized, and many 
sensing modules could be integrated onto one chip. This greatly expands the functions of 
POC devices. Such functions, normally performed by large tools or laboratories, are 
integrated onto miniaturized “lab-on-chip” systems with low cost.  
 The goals for POC devices are as follows: 
 Reducing the sensing process in time, due to the minimized chip size, small 
sample volume, and higher efficiency 
 Improving the sensitivity 
 Reducing the amount of reagents utilized each time, to reduce cost 
 Making the device a disposable one 
 Enhancing the portability of the device 
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 POC devices have a promising future for disease diagnosis and treatment in 
medical practices, for personalized purposes, and in home medications all around the 
world, especially in remote places. 
2.3.2 Optical sensing method 
Optical sensing is a powerful sensing method that has been developed for 
decades, and has been promoted especially by the invention of the revolutionary strategy, 
polymerase chain reaction (PCR). After almost 30 years’ development, PCR is now a 
dominant and indispensable technique used in medical practices and biomedical 
researches [15, 16]. 
 Another successful optical sensing method is flow cytometry, which is now 
commonly used for cell counting, sorting, and biomarker detection. It can analyze 
multiple physical and chemical characteristics at the same time, at speeds up to thousands 
of particles per second. Ever since the first report of modern flow cytometers (basically 
for cell sorting at that time) in the year of 1965 [17], flow cytometry has been developed 
at a steady pace. Today, for example, CD4+ T cells are commercially counted by 
utilizing this tool. Flow cytometers using laser light scattering and laser-induced 
ﬂuorescence principles are the current gold standard to provide accurate CD4+ T cell 
counts at high throughputs [18-20].  
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 However, optical sensing methods have their own limitations, such as requiring 
expensive tools (lasers, etc.), large space, expensive reagents (primers etc.) and so forth. 
Based on these issues, optical sensing is not an optimal for developing POC devices. 
2.4 Planar Electrode Biosensors 
              Since optical sensing is not the best choice for POC devices, we turn to 
electrochemical sensors for solutions. The following paragraphs will discuss the work of 
some of the research groups in studying planar (2D) electrode biosensors. 
              Among electrochemical methods, large macro-electrodes are commonly used to 
record cell capture signals [21-24]. Such electrodes, due to their designs, are limited in 
the sensitivity. Mostly, no single-cell level resolution could be reached by such devices. 
In this case, smaller electrodes are required, since they are capable of sensing small 
number of cells. Micro-electrodes can reach such high sensitivity because of their radial 
diffusion profile as opposed to the planar diffusion profile of macro-electrodes [25, 26]. 
The capability of detecting a single cell per electrode has been reported in 2012 by 
Rahman’s group, as shown in Fig. 2.2 [27]. It has been demonstrated that the precise 
counting of CD4+ cells can be achieved by using micro-electrode arrays [28].  
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Fig. 2.2 Cell detection utilizing electrochemical impedance technique: (a) Micro-electrode 
device design; (b) Optical image of blank micro-electrodes; (c) optical image of a cell 
bounded Electrode; (d) Impedance spectra of 500 to 25µm designed electrodes in 1 mM 
FcCOOH [27].                 
2.5 Hybrid-Nanostructured Biosensors 
Nanobiosensors have developed rapidly in the past ten years, among which 
hybrid-structured nanobiosensors are promising because of their expanded sensing area, 
rapid testing time, easy fabrication and analysis procedure. Apart from planar electrode 
devices, researchers have been able to integrate multiple types of structures with totally 
different morphology onto one device, to improve the capture and sensing ability of 
certain analytes. 
Such 3D nanostructures have been employed for biosensing in many different 
ways. Such devices have been used for the electrochemical detection of penicillin [5], 
and proteins [6] including glucose oxidase [7] and West Nile virus [8]. In addition, 
a 
d 
b c 
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hybrid-nanostructured devices are highly recommended for applications to 
electrochemical impedance spectroscopy (EIS) sensing methods (e.g. DNA hybridization 
detection) [9] and bacteria sensing [10]. Generally, these detection methods rely on the 
interaction of the target species at the electrode/electrolyte within the device.  
So far, the most commonly used hybrid structure is built by adding a nano-
channel membrane on top of the basic substrate. Usually, such a nano-channel membrane 
is fabricated by making nanopores with regular spacing of high uniformity (e.g. AAO 
template) [29-30].  
Such nano-channel devices have been reported for sensing bacteria [10], virus 
[31], DNA [32], and other small bioparticles. Nano-channels are highlighted as they can 
greatly enhance the surface biological interaction area, thus improving the capture 
efficiency and sensitivity of the device. The nano-channel device and sensing schematic 
are shown in Fig. 2.3. 
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Fig. 2.3 Nano-channel device SEM images, optical images, and sensing mechanism. 
Other nanostructures can also improve the device capture and sensing ability. 
Cancer protein biomarker detection and cancer therapy have been demonstrated by using 
carbon nanotubes [33]. Implementation of the field-effect transistor based 
transconductance technique using silicon nanowires has made it possible to detect nucleic 
acid with high sensitivity [34]. A Si nanoporous template has been demonstrated for 
protein detection with sensitivity on the order of pg/ml [35]. 
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2.6 Summary 
This chapter summarized the current research highlights in making biosensors. It 
summarized the basic principles of biosensors, as well as the criteria for making them. 
This background could be helpful in the design of biosensors.  
Point-of-care biosensors were illustrated in this chapter. The significance and 
applications of such devices were discussed, such as the fact that POC devices will be a 
more obvious choice for medical applications for many reasons. Optical sensing was 
introduced along with a discussion of why it has served as a dominant tool in many 
biomedical fields, for example, PCR, ELISA, and flow cytometry. But optical sensing is 
not compatible for POC devices, as it requires expensive tools, large space, and 
expensive reagents.  
Two major electrochemical impedance sensing methods were introduced—planar 
electrode biosensors and hybrid-nanostructured biosensors. Planar electrode biosensors 
are mainly applied to cell detection, as low as single-cell level, while hybrid 
nanostructured biosensors can be utilized for various sensing applications, such as cell, 
virus, DNA, protein, etc. 
Based on the proceeding discussion, the desired sensing device should be able to 
meet certain requirements: 
 Easy, fast and cheap fabrication 
 Short time to result 
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 Low cost of the entire device 
 High sensitivity 
 Ability to screen for a wide variety of bioparticles  
Based on the requirement of the direct sensing method, a 3D hybrid-
nanostructured biosensor is highly desired. Also, an electrochemical impedance 
spectroscopy (EIS) based sensing method is preferred over optical sensing, in terms of 
complexity, cost, portability and many other concerns. Thus a nanograss embedded 
microfluidic device for electrochemical impedance sensing is proposed, according to its 
low cost, high sensitivity and other merits. 
The rest of this thesis will focus on fabricating such a device and getting it to 
work as expected. 
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CHAPTER 3. FABRICATION OF NANOGRASS DEVICES 
3.1 Introduction 
              The surface (morphology/surface area/roughness) of the substrate plays a key 
role in modulating the molecule capture on it. It has been shown in previous studies [36] 
that posts, made of nanoporous vertically aligned carbon nanotube (VACNT), can trap 
cancer cells and other tiny objects as they flow through a microfluidic device, as shown 
in Fig. 3.1.  
 
Fig. 3.1 (a) Schematic of a microfluidic device with nanoporous features inside a PDMS channel; 
(b) SEM angled view of a patterned VACNT post array; (c) SEM top view of a patterned 
VACNT post array; (d) SEM of the nanostructure of a VACNT forest [36]. 
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For capturing smaller molecules, such as bacteria and virus, no such nanostructure 
has been designed and fabricated. However, many surface chemistry methods, especially 
antibody sandwich structures, have been reported for virus capturing [37]. Such 
antibody/enzyme labeling method not only depends highly on the chemical attachment of 
the sandwich structures, but also cannot guarantee a highly efficient capture process. 
Dielectrophoretic (DEP) filter, embedded in microfluidic devices for virus capture, has 
been determined as an efficient electrical method of virus capturing [38, 39]. 
Nevertheless, it is not easy enough to operate, especially in remote areas. Therefore, it is 
greatly beneficial to fabricate nanostructures which are suitable for small molecule (e.g. 
bacteria, virus) capture and sensing. Section 3.2 will present the fabrication process of Si 
nanograss, which is the base structure of the nanograss device; Section 3.3 will present 
the fabrication process of the nanograss capture/sensing device. 
3.2 Si Nanograss Fabrication 
3.2.1 Nanograss fabrication mechanism 
Si nanograss is fabricated by STS Pegasus ICP-DRIE, without using any mask. 
The key mechanism underlying the nanograss fabrication is the reactive ion nucleation 
during the reactive ion etching process. In the plasma-enhanced multiple ion reaction 
system (SF6, C4F8, O2), the nanoscale gas-to-solid phase transition synchronizes with the 
nanoscale solid-to-gas phase transition [40], which results in pseudouniform, complex 
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nanoparticle arrays grown over the surface of the etching substrate. These nanoparticles 
act as the etch mask for the anisotropic Bosch etching process.  
Another factor that affects the etching process is the loading effect, which results 
from different patterns on the substrate. It is well known that pulsed (time domain 
multiplexed) deep silicon etching suffers from serious loading effects inherent to reactant 
transport limited etching [41]. The loading effect is the dependence of the etch rate on the 
quantity of material being etched [42]. Feature scale pattern dependencies (microloading 
and aspect ratio dependent etching) and chip/wafer-level loading effects complicate the 
use of deep silicon etching in MEMS applications [41], because of their detrimental 
effect on uniformity and etch rate on the wafer scale. Since the device is designed to be 
bonded with PDMS to make microfluidic chips, micropillars of 40 µm diameter are 
patterned by the common lithography process, shown as Fig. 3.2 (c). Nanograss is 
fabricated in the space between the pillars (see Fig. 3.2 (d)), which can be set at 8 µm, 11 
µm, 14 µm and 17 µm.  
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Fig. 3.2 (a) Si nanograss fabricated by STS Pegasus ICP RIE; (b) Process flow of the 
simultaneous nucleation and etching nanomanufacturing process. Pseudo-uniform silicon 
oxyfluoride nanoparticles are formed on the silicon substrate surface in the first step. The 
oxyfluoride nanoparticles grow on top of the Si surface by a gas-to-solid nucleation process, and 
they act as a protective mask for the subsequent Si etching process; (c) i. Microfluidic channel 
and micro pillars etched by Bosch process, ii. Magnified image of micro pillars; (d) i. Nanograss 
is observed in the space between micropillars, and also in the open space; ii. Uniform nanograss 
fabricated in the space between micropillars; (e) i. Side view of the nanograss, ii. Magnified 
image of nanograss structures. 
 
 
 
A C (i) 
B 
C (ii) 
D (i) D (ii) 
E (i) E (ii) 
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3.2.2 Nanograss fabrication process 
 
The nanofabrication process is shown in Fig. 3.2 (b). Bare silicon substrates are 
cleaned by a standard cleaning process (Acetone, IPA, DI water, and IPA) and treated 
with a wet etching (Buffered HF-10s) process to remove the native oxide layer on the 
surface.  
In a reactive ion etcher chamber, a silicon nanograss array is formed via Bosch 
process with a multiple reactive ion mixture of octafluorocyclobutane (C4F8-etching), 
sulfur hexafluoride (SF6-passivation), and oxygen (O2). Fluoride ions are the primary 
etching plasma to react with silicon atoms on the surface layer, while oxygen ions, 
fluoride ions, and silicon ions together comprise the building blocks to synthesize the 
complex silicon oxyfluoride compound (SiOxFy) on top of the substrate surface layer (see 
Fig. 3.3) [40]. The simultaneous nucleation and top-down etching reactions can be 
summarized in two chemical reaction formulas.  
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Fig. 3.3 SFx+/O2/CFx+ chemistry and surface SiOxFy formation on the sidewall, as a reference for 
the SiOxFy nanoparticle formation on Si surface [40]. 
 
Initially, randomly distributed seed spots will be nucleated when fluoride ions and 
oxygen ions simultaneously meet at some exposed silicon crystal lattice points on the 
surface [43]. Meanwhile, the seed spots will quickly grow into nanoparticles through a 
gas-to-solid nucleation process. These nanoparticles are about 1µm in diameter, shown in 
Fig. 3.2(d). Thus a protective nanomask array has been formed right before the 
subsequent etching process. Besides the nucleation process, the exposed silicon surface is 
anisotropically etched down by C4F8. Because C4F8 has a very high reaction selectivity of 
silicon to silicon oxide (200:1), the growing silicon oxyfluoride (SiOxFy) nanoparticle 
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array acts as the etch mask that protects the covered silicon surface. Consequently, the 
longitudinal nanostructures will be created by the Bosch anisotropic etching process, as 
shown in Fig. 3.2(e).  
A ripple structure can be seen with the sidewall, as shown in Fig. 3.2 (e). The 
SEM image also shows that the ripple synthesized on the sidewall remains about the 
same size along the nanograss side wall. The nanoripple structure on the side wall 
indicates the localized reactive ion nucleation happening at every Bosch cycle [43]. This 
observation strongly supports the plasma enhanced silicon oxyfluoride nanostructure 
nucleation mechanism. 
Since the Si nanograss density is determined by the density of the SiOxFy array, it 
can be controlled by varying the C4F8/SF6/O2 plasma concentrations. The average height 
of the nanograss can be controlled by varying the time of the etching process (40 µm 
after 14 min etching). This nanograss fabrication method can be implemented with a 
standard reactive ion etcher, without requiring any etching mask (for conventional top-
down etching process) or any expensive metal catalyst (for conventional bottom-up 
synthesis process, e.g. Au).  
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3.3 Nanograss Devices Fabrication—Metal/Oxide Deposition 
              To fulfill the capture and sensing function of the nanograss based device, further 
metal/oxide deposition is needed. Before metal evaporation, the nanograss substrate was 
treated by O2 descum (planar plasma etch system) for 1 min to remove the carbon-
polymer residue. Using e-beam evaporation, 5 nm titanium (adhesion layer) and then 95 
nm gold were deposited onto the nanograss structures to obtain bottom electrode structure 
needed for electrical connection. Good electrical contact has been achieved based on the 
metal deposition. The process flow is shown in Fig. 3.4 (a); nanograss structure with 
deposited Au is shown in Fig. 3.4 (b). 
             Above the Au electrode structure, another layer is required to protect the captured 
biomolecules from directly contacting the Au electrode [44]. We deposited a 100 nm 
Al2O3 layer on top of Au electrode structure by using an ALD system (Cambridge 
NanoTech Atomic Layer Deposition System). A 200-cycle Al2O3 on Si sample is shown 
in Fig. 3.4 (c) to indicate the surface morphology/roughness of the Al2O3 layer. ALD 
Al2O3 is employed here according to its highly conformal property after deposition, even 
on high aspect ratio structures such as nanograss. With the deposited Al2O3 layer, not 
only will the chemical interaction at the nanograss surface will be greatly enhanced, but 
also the Al2O3 layer turns the interaction surface highly hydrophilic, which helps greatly 
improve the capture efficiency [44]. 
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Fig. 3.4 (a) Schematic of the process flow of metal/oxide deposition; (b) SEM image of 
nanograss structure after Au deposition; (c) SEM image of an ALD Al2O3 sample—200 
cycles on Si substrate. 
 
 
 
A 
B C 
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CHAPTER 4.  CHARACTERIZATION OF NANOGRASS SUBSTRATE 
4.1 Introduction 
              This chapter will present the results of different characterizations of nanograss 
substrates to investigate substrate properties. The mechanical capture capability is 
investigated by flowing a solution of fluorescent beads into the nanograss devices, and 
observing the capture effect under fluorescent microscope. A control experiment is 
performed by using a similarly designed device but without nanograss embedded.  
Super-hydrophobicity is also observed by measuring the contact angle of water 
droplets (same volume) on the device surface. Hydrophobicity is compared for bare Si 
surface, micropillar surface, and micropillar with nanograss surface. Surface 
enhancement Raman spectroscopic (SERS) effect is also tested on the device substrate. 
Section 4.2 will present the capture efficiency experiment based on fluorescent beads. 
Section 4.3 will present the surface hydrophobicity test. Section 4.4 will present the 
SERS test on different concentrations of a common dye – Rhodamine 6G.  
4.2 Capture Capability of Nanograss Device 
              This section will discuss the preparation of the nanograss devices, fluorescent 
bead solution and the image analysis for the study of flowing fluorescent beads into two 
devices— with and without nanograss embedded.   
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4.2.1 Device preparation 
              To test the capture efficiency of nanograss devices, microfluidic devices were 
fabricated based on the strategy shown in Chapter 3. Devices with and without nanograss 
were fabricated by different etching process conditions (see Chapter 3 for details). Pillars 
were fabricated to serve as supporting structures, which were bonded to PDMS on top. 
Nanograss was fabricated in the spacing between micropillars, without any mask, by 
Bosch etching process. Images of the devices are shown in Fig. 4.1. 
Figure 4.1 (a, b, c) show optical images of the device flow test with fluorescent 
beads solution of uniform concentration. Figure 4.1 (a) shows the experiment setup: 
PDMS was bonded on top of the microfluidic device, and then fluorescent bead solution 
was flowed into the device through tubing. Figure 4.1 (b) shows the basic chamber 
device, without any micropillars and nanograss; Fig. 4.1 (c) shows the image of a 
microfluidic device with micropillars and nanograss. 
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Fig. 4.1 Flow test with Nile Red fluorescent beads: (a) Capture experiment being  performed 
on nanograss device; (b) Optical image of basic chamber device; (c) Optical image of 
nanograss device; (d) Fluorescent image of basic chamber device after flowing through 
fluorescence beads; (e) Fluorescent image of nanograss device after flowing through 
fluorescence beads. 
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4.2.2  Capture efficiency test 
To test the particle capture of the nanograss device, Nile Red fluorescent beads 
(0.53 µm in diameter) were employed. Fluorescent beads were diluted in 1x PBS at 
1:1000 and then flowed into both the nanograss device and basic chamber device 
(control) at 10 µL/min for 10 min, to ensure thorough flow through the devices. We used 
the standard infusion syringe pump from Harvard Apparatus (Harvard Apparatus, 
Holliston, MA). 
Figure 4.1 (d, e) show fluorescent images of the devices with and without 
nanograss, respectively; both devices were detected under fluorescent microscope with 
TRITC fluorescent filter.  
By comparing Fig. 4.1 (d) and (e), we can clearly tell the difference in physical 
capturing ability between nanograss and basic chamber devices. 
4.2.3 Image analysis 
            In order to observe mechanical capture ability of nanograss devices, ﬂuorescence 
images were acquired. The experiment consisted of the following two observations: 
(a) ﬂuorescence derived from the beads that were captured by basic chamber device 
(control experiment), and 
(b) ﬂuorescence derived from the beads captured by nanograss embedded microfluidic 
devices. 
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Fluorescent images of the beads captured on chip were analyzed using ImageJ 
software. The criteria for the analysis were the numbers of total fluorescent beads 
captured, and the number of particles for different fluorescent intensities. The total 
number of fluorescent beads was obtained from the counts of particles for different 
fluorescent intensities, shown in Fig. 4.2. 
 
Fig. 4.2 Image analysis of fluorescent beads captured by basic chamber and nanograss 
microfluidic devices. X-axis is the relative fluorescent intensity; Y-axis is the number of particles 
of each fluorescent intensity; Z-axis represents two devices we tested—basic chamber and 
nanograss microfluidic devices. 
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Fluorescence distribution of the beads for the aforementioned two conditions is 
shown in Fig 4.1 (d, e). The images were acquired right after the capture experiment, 
following the protocol given in Fig 4.1 (a). From Fig. 4.2 we observed clearly that the 
increase of ﬂuorescence intensity indicated more beads captured by the devices. The 
values were calculated from acquired images of fluorescent beads. The relative 
ﬂuorescence intensity (X-axis) could also be expressed as gray level, as adopted by many 
researchers [45], to indicate the number of beads captured at a certain spot. Condition b 
(nanograss device) shows much greater fluorescent intensity and more particles than 
condition a (basic chamber device). By simply doing integration for conditions a and b, 
we can get the total number of fluorescent beads that were captured under each condition.  
Beads captured by the nanograss device were about one order of magnitude more 
numerous than those captured by basic chamber device (11061 vs. 1756). This indicates 
the different mechanical capture abilities of the two devices. 
4.3 Super-Hydrophobicity Test 
              The results about the hydrophobicity of the substrates with different surface 
morphology will be presented and discussed in detail in this section.  
4.3.1 Surface morphology and surface hydrophobicity 
Super-hydrophobicity is also observed on the device surface by measuring the 
contact angle with a goniometer. With the microstructure of micropillars, surface 
hydrophobicity is greatly enhanced, as shown by comparing Fig. 4.3 (a) and (b). 
  
32 
Embedding with nanograss, which is shown in Fig. 4.3 (c), the device surface is highly 
hydrophobic, with the contact angle of 155° (water). On the other hand, when flipping the 
device more than 90°, shown in Fig. 4.3 (d), the droplet still stays on the substrate. 
 
Fig. 4.3 Contact angle measurements  for different substrates: (a) 83.519° for plain Si surface; (b) 
139.059° for Si pillar surface; (c) 154.781° for Si pillar with nanograss surface; (d) Petal effect is 
observed when flipping the device more than 90°. 
Surface morphology of the Si micropillars substrate and nanograss embedded 
substrate is illustrated by the SEM images in Fig. 3.2 (c-ii, d-ii). Figure 3.2 (c-ii) shows a 
periodic array of micropillars with uniform diameter of 40 µm and height of about 40 
µm, with spacing of 11 µm in between. Figure 3.2 (d-ii) shows the nanograss fabricated 
by Bosch-like etching process, with diameter of 1-2 µm and height of about 40 µm.  
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The hydrophobicity of a certain surface can be greatly enhanced by embedding 
different micro- and nanoscale structures. In nature, the surface of the lotus leaf is noted 
for its self-cleaning property, which is induced by the roughness at two length scales 
amplifying the intrinsic hydrophobicity—known as the lotus effect. Similarly to this, our 
device’s surface also exhibits super-hydrophobicity with a contact angle of about 
154.781°, shown in Fig. 4.3 (c), owing to the micropillars along with the nanograss 
embedded in between. Also in nature, water droplets of certain volume can stay pinned to 
the surface of a red rose petal. Similarly, water droplets on the “petal” (our device) 
surface maintain their spherical shape whether the surface is horizontal or vertical (Fig. 
4.3 (d)), showing a high contact angle hysteresis. The crucial parameter for this effect is 
the volume of the droplet. For a small droplet, the weight is small compared to the 
surface tension force, and thus it is expected that a droplet will stick to the surface. When 
the volume of the water droplet is ~10 µL, a balance of the weight and the surface tension 
is reached, above which the droplet will fall. 
4.3.2 Theoretical analysis 
In general, surfaces with a static contact angle higher than 150° are defined as 
super-hydrophobic surfaces. There are two causes for super-hydrophobicity: (1) the 
liquid attaches to the solid surface (Wenzel’s state), and (2) it leaves air inside the texture 
(Cassie’s state) [46]. The Wenzel model describes homogeneous wetting by the following 
equation [47]: 
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where θw and θy are the Wenzel contact angle and the Young contact angle, respectively, 
and   is the roughness ratio, defined as the ratio of the true surface area to its projected 
area. 
The Cassie model describes heterogeneous wetting by the following equation: 
 
where θc and θy are the Cassie contact angle and the Young contact angle, respectively,   
is the ratio of the actual area to the projected area of the solid surface that is wetted by the 
liquid, and   is the area fraction of the projected wet area. 
As for the details of contact angle hysteresis, Wenzel’s state can induce a high 
contact angle hysteresis and Cassie’s state a low contact angle hysteresis. An important 
super-hydrophobic Cassie impregnating wetting state needs to be addressed here [48, 49]. 
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Fig. 4.4 Schematic illustrations of a drop of water in contact with the petal of a red rose (the 
Cassie impregnating wetting state) and a lotus leaf (the Cassie’s state) [49]. 
 
As shown in Fig. 4.4, for the Cassie impregnating wetting state, grooves of the 
solid are wetted with liquid and solid plateaus are dry. This state is described by different 
equations from those for the Wenzel and ordinary Cassie wetting states. In this regime, 
the liquid film impregnates the texture; however, there will always remain islands that 
emerge above the “absorbed” liquid film. On the basis of the hierarchical micro- and 
nanostructures on the surface of the petal and the duplicated polymer, it could be 
suggested that rose petals, when both contact angles and adhesion are large, are in the 
Cassie impregnating wetting state [49]. 
As to the petal effect, hierarchical micro- and nanostructures are fabricated. Water 
droplets are expected to enter into the larger scale grooves of the micropillars but not into 
the smaller nanograss, thus forming the Cassie impregnating wetting regime [50-52]. It 
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can be readily understood that water sealed in Si micropillars would cling to the 
nanograss surface, showing a high contact angle hysteresis in the range of volume when 
the surface is tilted vertically. 
4.4 SERS Effect for Nanograss Devices 
              Microfluidic devices have been widely used for Point-of-care (POC) diagnostics 
due to portability, shortened processing time, and easy operation [53]. The application of 
surface-enhanced Raman scattering (SERS) to measure different biochemical species is 
highly valued for its ultra-sensitivity and multiplex targeting [54]. We demonstrate SERS 
on our nanograss-embedded microfluidic devices with a common fluorescence dye, 
Rhodamine 6g (R6G). As a preliminary study, we flowed R6G [55], an even smaller 
molecule (diameter ~1.24 nm) than a virus (most range in size from 5 to 300 nm), 
through our device and detected, by SERS, spectra at different concentration levels. Ti 
and Au were deposited on top of the nanograss structures by e-beam evaporation. Gold-
coated ripples serve as plasmonic structures after metal deposition. With R6G used as a 
Raman probe, we found that Raman signals were greatly amplified. Figure 4.5 shows the 
representative SERS spectra of R6G at different concentrations. The relative intensities of 
SERS signals decreased with serially diluted solutions. We can clearly identify the 
primary Raman peak signature down to the concentration of 1 µM. 
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Fig. 4.5 Representative SERS spectra of serially diluted R6G solutions spotting on the substrate 
surface, from 100 µM down to 1 µM. 
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CHAPTER 5. FINITE ELEMENT SIMULATION FOR NANOGRASS EMBEDDED 
MICROFLUIDIC DEVICES 
5.1 Introduction 
Before running the microfluidic flow test on nanograss embedded microfluidic 
devices, certain flow parameters are required to get a brief understanding beforehand. In 
this case, a 3D physiologically relevant model for fluidics flowing through the 
microfluidic chamber is urgently needed in this research. Due to measurement 
limitations, it is difficult to control the flow testing characteristics and the entire process 
is time-consuming and expensive. To overcome these limitations, we developed a simple 
microfluidic system using polydimethylsiloxane (PDMS) to serve as the reaction 
environment under physiological flow. The flow characteristics such as streamline 
directions, shear stress profile, and velocity profile inside the microfluidic system were 
first examined computationally using a COMSOL Multiphysics simulation (COMSOL 
Inc., Burlington, MA).  
5.2 COMSOL Multiphysics Simulation 
Assuming a 3D chamber structure, we carry out the simulation within a periodic 
cell of an array of 2 μm by 40 μm nanograss. Different velocity is imposed into the 
chamber in order to investigate the fluidic characteristics in the chamber. The fluid 
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volumetric flow rate is varied from 10 μL/min to 100 μL/min. Water is used as the fluid 
for the simulation to get an understanding of the flow test. 
Table 5.1 Simulation Parameters 
Parameter Value 
PDMS chamber height 40µm 
Nanograss radius 1µm 
Nanograss spacing 2µm 
Device width 190µm 
Flow rate 10-100µL/min 
Viscosity 1.3e-3 Pa*s 
 
Parameters for running COMSOL multiphysics simulation are listed in Table 5.1. 
By using COMSOL Multiphysics simulation, we are able to learn how the flow velocity, 
pressure, and shear stress vary with flow rate. An empty chamber was set as a control. 
We found out that maximum velocity, maximum pressure, and maximum shear stress 
vary linearly with the flow rate. In addition, the parameters above were much greater in 
the nanograss device than in the control. Figure 5.1 shows the simulation schematics and 
data analysis. 
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Fig. 5.1 COMSOL Multiphysics simulation schematics and data analysis, diameter of the 
nanograss was set at 2 µm, spacing was set at 2 µm. Flow rate was varied from 10 µL/min to 100 
µL/min at the interval of 10 µL/min: (a) Simulation schematic of nanograss device at the flow 
rate of 10 µL/min; (b) 2D top view of the simulation on nanograss device; (c) Simulation 
schematic of basic chamber device at the flow rate of 10 µL/min; (d) 2D top view of the 
simulation on basic chamber device; (e) Data analysis of maximum velocity/pressure/shear stress 
against flow rate. 
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CHAPTER 6. BIOPARTICLE CAPTURE AND IMPEDANCE SENSING OF 
NANOGRASS-BASED MICROFLUIDIC DEVICES 
6.1 Introduction 
              This chapter presents the results of capture and sensing on nanograss embedded 
microfluidic devices. We used microfluorescent beads of 500 nm diameter (Spherotech, 
Inc., Lake Forest, IL). Such fluorescent beads can be used for mimicking small 
bioparticles flowing through the microfluidic device. Section 6.2 lists the methods of 
carrying out the experiment. Section 6.3 lists the results and discusses them, and Section 
6.4 concludes the chapter.  
6.2 Materials and Methods 
              This section will discuss the preparation of the device, fluorescent beads and 
experiment setup during the study of capture and sensing experiment.   
6.2.1 Device preparation and fluorescent beads 
              The devices used in this experiment were prepared in exactly the same way as 
listed in Section 4.2.   
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The fluorescent beads were obtained from the supplies, and then diluted in serial 
dilutions. First of all, the fluorescent beads were diluted by 1:1000 into 1x PBS solution. 
Then a serial dilution was made: 1:10k, 1:100k, 1:1000k, 1:10M, 1:100M. 
The fluorescent bead solution was injected through the microfluidic device by 
Standard Infusion Syringe Pump (Harvard Apparatus, Holliston, Massachusetts). Tubings 
were put at the edge port of the microfluidic chamber. Two electrodes were placed at the 
bottom layer of the device and through the PDMS on top of the solution. Both electrodes 
are fixed steadily to minimize the measurement errors. The experiment setup is shown in 
Fig. 6.1. 
 
Fig. 6.1 Optical image of the experiment setup. 
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Once the fluorescent beads were flown into the device, they got captured by the 
nanograss embedded in the microfluidic device. These captured beads would lead to 
impedance change that could be measured by the LCR meter (Inductance (L), 
Capacitance (C), and Resistance (R)). The schematic of the experiment is shown in Fig. 
6.2. 
 
Fig. 6.2 Schematic of the experiment. 
6.3 Results and Discussion 
              The results of the impedance sensing based on the nanograss embedded 
microfluidic device will be presented and discussed in detail in this section.  
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6.3.1 Impedance sensing of fluorescent beads in PBS 
The evaluation of impedance on nanograss is a frequency-dependent 
measurement, by which fluorescent beads are attached on the surface of the electrode, 
nanograss in this case, according to the free flow of charge carriers (i.e. electrical current) 
from the electrode into the bulk electrolyte. For a wide frequency range, the electrical 
current passing through a bead–electrode–electrolyte system is paracellular, where it has 
to bypass the bead along shunt pathways, i.e., through narrow channels that exist between 
the bead and electrode surface and along the pathways that may exist around the bead 
into the bulk electrolyte. In order to monitor the bioelectrical impedance response of 
beads to an analyte, it is necessary to examine the impedance signal at an optimal 
frequency where the greatest contribution to the measured impedance is due to the 
injected beads.  
The optimal frequency of our cell impedance sensor platform was determined by 
performing an impedance spectral sweep within the kHz frequency range to compare the 
impedance signal to that of the bead-free (baseline) one. This range was chosen to make 
sure of monitoring impedance before beads become incorporated into the overall system 
impedance at higher frequencies (e.g., in MHz range). Figure 6.3 shows the impedance 
magnitudes of the frequency-dependent spectrum before and after fluorescent beads were 
injected into the device.  
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Fig. 6.3 Frequency spectroscopy plot of impedance magnitude |Z| for a frequency range from 10 
kHz to 1000 kHz when fluorescent beads are captured by nanograss embedded microfluidic 
devices. 
It is clearly observed that impedance varies with the concentration of fluorescent 
beads. In the nanograss impedance measurement system, the lower end of the spectrum 
(low frequency) showed that the detectable impedance was dominated by the electrode–
electrolyte interface rather than the presence of beads and bulk solution, which yielded 
quite clear differentiation for each concentration, respectively. At the higher end of the 
frequency spectrum (high frequency), the detectable impedance was dominated by the 
electrolyte and system wiring ultimately acting as a short circuit for frequencies greater 
than 50 kHz, where bulk solution would dominate the impedance magnitude [56]. 
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In this study, 100 kHz was selected as the designated frequency for impedance 
measurements reported versus different bead concentrations. At this frequency, an 
increasing trend was observed for the impedance with the concentration of the beads. To 
examine the ability of the impedance spectra to discriminate bead concentrations, we 
plotted impedance magnitude at 100 kHz versus bead concentration for the nanograss 
embedded microfluidic device. 
 
Fig. 6.4 Impedance spectra vs. different concentrations of fluorescent beads at 100 kHz. 
The response of impedance magnitude to bead concentration is linear in a log 
scale plot. This indicates that the impedance caused by beads and the subsequent 
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conductance of the medium in which the beads are diluted is proportional to the number 
of beads (see Fig. 6.4). Moreover, using nanograss embedded microfluidic device to 
detect bioparticles appears to be extremely sensitive, and can detect as few as several 
beads per microlitre. 
6.3.2 Impedance sensing of control experiments 
Since the fluorescent beads come in DI water (1:99), we did a control experiment 
to rule out the effect of DI on impedance change. DI water is diluted in PBS at 1:1000, 
and a serial dilution is conducted to make the concentration of DI water as low as 1e-7. 
 
Fig. 6.5 Frequency spectroscopy plot of impedance magnitude |Z| for a frequency range from 100 
to 100 kHz for different concentrations of DI water in PBS. 
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As we can see from Fig. 6.5, there is barely any impedance change for different 
concentrations of DI water in PBS. Based on this, we can conclude that the impedance 
change for different concentrations of fluorescent beads is actually due to the beads. 
Another control experiment is conducted to test the sensing ability of the 
nanograss embedded microfluidic device for bulk electrolyte solution. 1x PBS is diluted 
in DI water by a serial dilution, as low as 1e-5 in concentration. Figure 6.6 shows the 
impedance spectroscopy plot. 
 
Fig. 6.6 Frequency spectroscopy plot of impedance magnitude |Z| for a frequency range from 100 
to 1000 kHz for different concentrations of PBS in DI water. 
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 At high frequency (>10 kHz), impedance is relatively steady and differentiated for 
different concentrations of PBS in DI water, which indicates the high sensitivity of bulk 
electrolyte solution for nanograss embedded microfluidic device. 
 
Fig. 6.7 Impedance spectra versus different concentrations of fluorescent beads at 100 kHz. 
The response of impedance magnitude to PBS concentration is linear in a log 
scale plot (see Fig. 6.7), similar to the relationship between the resistance of a simple 
electrolyte solution and solute concentration [57]. 
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6.4 Principles of Electrochemical Impedance Spectroscopy 
Electrochemical impedance model was obtained with a general equivalent circuit 
in the presence of a redoxprobe (Randles model shown in Fig. 6.8), a model that has been 
well explained [56-59].  
The circuit includes the ohmic resistance of electrolyte solution, R2, the Warburg 
impedance, W, which resulted from the diffusion of ions to the electrode interface from 
the bulk of the electrolyte, the double layer capacitance, C, and the electron transfer 
resistance, R1.  
 
Fig. 6.8 Impedance model circuit. 
In detail, R1 is mainly monitored for conductivity studies. W is generally used for 
measuring effective diffusion coefficients. Charge-transfer resistance R2 (also indicated 
as Rct in many references) and double-layer capacitance C are the parameters used most 
for analytical detection and sensor/biosensor applications. The measurements are 
generally performed in Faradaic mode, monitoring the variations of the charge transfer 
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resistance (Rct) between the solution and the electrode surface. By monitoring the value 
of Rct after each modification step of the biosensing protocol, the biorecognition event 
can be carried out with remarkable sensitivity [60]. 
6.5 Conclusion 
              This study showed that the nanograss microfluidic device has great sensitivity 
for both surface-attached particles and bulk electrolyte solution. It has been determined in 
Section 6.3.1 that the impedance increases when the concentration of the fluorescent 
beads increases; on the other hand, the impedance decreases when the concentration of 
the bulk electrolyte increases.  
In this study, it has been shown that a nanograss-embedded microfluidic device 
can be used to capture and sense simultaneously on a single device. The nanograss 
structure can reach up into the solution for efficient particle capture. Conventional 
sensors are not able to capture molecules before sensing; here we integrate capture and 
sensing into one step. This can be used for on-site bioparticle monitoring.  
This impedimetric method is much faster (~10 min) than ELISA (~12 hours), 
which also requires an expensive and complicated antibody coating process.  
This study therefore proves that nanograss has excellent potential for use as a 
biocompatible material for BioMEMS and biosensors where researchers are trying to 
perform particle capture and sensing. Many more studies are required with a variety of 
other bioparticles to prove that nanograss will indeed serve well at capturing and sensing 
them.  
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CHAPTER 7. CONCLUSION AND FUTURE WORK RECOMMENDATIONS 
7.1 Conclusion 
              The aim of this thesis was to investigate the capture and sensing ability of 
BioMEMS material—nanograss—for biomedical applications as a biosensor. This study 
showed how to fabricate such devices efficiently at low cost. A biocompatible interface 
can be achieved with post-processing, after fabricating the nanograss itself. Experiment 
setup and impedance measurement procedure were illustrated in this study to develop a 
nanograss-based impedance biosensor for a new application of sensitive and rapid 
detection of bioparticles. The results demonstrated that the IDA microelectrode based 
impedance sensor was able to detect fluorescent beads at a low concentration, and bulk 
electrolyte solution as well. 
              This study compared the impedance spectroscopy of fluorescent beads in PBS 
with DI water in PBS (same dilution ratio), to rule out the effect of DI water coming in 
with the fluorescent beads from the company. The results also suggested that nanograss is 
capable of capturing such particles and sensing them via an impedimetric method. This 
capability was determined by integrating the capture module and sensing module onto a 
single device.  
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7.2 Recommendations for Future Work 
              Although, this study looked at the capture and sensing ability of a nanograss 
embedded microfluidic device, no virus or bacteria experiment was performed. Prior to 
declaring nanograss as a biomaterial for an impedimetric sensor, it will be extremely 
important to check the capture efficiency and sensitivity of such device on different types 
of bioparticles. Studies have shown that cell sensing can be done quite well with the 
impedimetric method, but virus and bacteria need to be double-checked. Also, it will be 
important to optimize the fabrication process of nanograss itself, to make it possible to 
control the morphology and etching profile of nanograss. Until then, nanograss can be 
considered a promising structure for biosensing. 
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